Introduction
The application of optical imaging and spectroscopy in medicine and biomedical research has captivated the attention of many scientists, engineers, and clinicians because of the compactness, low cost, and ability of the technology to provide functional and molecular information [1, 2] . In the process of optical imaging, light interaction with biological tissues leads to a number of photophysical events such as absorption, scattering, and emission of light. Each of these events can be utilized to obtain biochemical and morphological information about specific cell or tissue of interest. The diverse contrast mechanisms provided by optical methods constitute the basis of several optical imaging platforms that include spectroscopic, planar, diffuse, and hybrid biomedical optics methods [3] [4] [5] [6] . In fact, the diversity of imaging and therapeutic platforms available to researchers is a unique strength of optical technology.
Typically, optical imaging begins with the absorption of light by endogenous or exogenous chromophores to provide contrast between diseased and normal surrounding tissue. In absorption imaging, contrast is generated by the differential concentration of the chromophores in tissues [7, 8] . The absorbed light can dissipate as heat to surrounding tissue, a phenomenon that is useful in photothermal therapy or photoacoustic imaging (PAI) [5, 8] .
A fraction of the absorbed light can be reemitted at longer wavelengths than the incident. This emitted light is called autofluorescence if it originates from endogenous chromophores. Autofluorescence is widely used to characterize the metabolic status of tissue. An important example is the classification of tissue as normal or as a benign and malignant tumor based on the optical properties of flavin adenine dinucleotide and reduced nicotinamide adenine dinucleotide (NADH). Autofluorescence imaging and other endogenous fluorophores have an easier path to human translation since the signaling biomolecules are naturally produced by the body. The term fluorescence is generally reserved for light emission generated by exogenous contrast agents. This class of optical imaging platform will be discussed in detail in several sections below. In a variant of fluorescence imaging, spontaneous light emission can be induced by a biochemical reaction, such as the luciferase-catalyzed oxidation of luciferin [9, 10] . This process is termed bioluminescence. Bioluminescence imaging is widely used to unravel the molecular basis of biochemical processes at the molecular level in cells and small animals. The simplicity of the imaging method, high throughput capability, and the high detection sensitivity and specificity make this approach attractive for drug development, monitoring treatment response, and molecular interactions in animal models of human diseases. Unfortunately, there is no clear path to human translation in the current state of technology due to foreign genetic materials [9, 10] . In addition to absorption and emission imaging, incident light is highly scattered in heterogeneous media such as tissues. Since the light scattering pattern is dependent on tissue morphology, it is used to generate exquisite structural information of target tissues [6] . For example, the up-regulation or down-regulation of structural proteins such as collagen can be used to report the invasiveness of tumors and the status of wound healing [11] .
Beyond cell and small animal studies, the next frontier is the translation of optical imaging and spectroscopy to humans. Major advances have been made in both instrumentation and tissue-targeted molecular probes that are suitable for human use. These advances promise to change the landscape of conventional diagnostic and treatment monitoring methods [1, 4, [12] [13] [14] [15] [16] [17] . Interestingly, optical imaging has come a long way from the early days of diaphanography, which used a simple transillumination light scanning method [18, 19] , to modern-day diffuse optical tomography (DOT) and spectroscopy. Unlike diaphanography, which resulted in poor sensitivity in breast cancer detection (58%, based on histologic validation of biopsied samples) [20] , new techniques have incorporated state-of-the-art imaging algorithms, highly sensitive detectors, and an array of light sources to delineate scattering from absorption parameters. This approach promises to improve both sensitivity and specificity of current imaging systems in clinics. Several optical imaging methods are already used in clinical practice. Notable among these is optical coherent tomography, which furnishes exceptionally high spatial resolution of tissue structure at microscopic level [21, 22] . The method, which was first introduced for ophthalmologic applications [23] , has been expanded to cardiac imaging [24] and cancer diagnosis [25] . Recent studies have also demonstrated the applicability of high-resolution optical fiberbased devices for in vivo characterization of tissues [26] [27] [28] . Incorporation of this technique into endoscopes will expand their applications to virtually all current endoscopic procedures and enhance the capabilities of intravital microscopy. Thus, in addition to aiding disease diagnosis, optical imaging is anticipated to be effective in monitoring treatment response in cancer patients [29] [30] [31] .
This review focuses on the development of optical imaging platforms, image processing techniques, and molecular probes, as well as their applications for cancer diagnosis, staging, and monitoring therapies. Emphasis is placed on emerging optical methods that are translatable to humans and specific to cancer. As such, bioluminescent and fluorescent proteins are not discussed here. To maintain the focus of this review on imaging, we also excluded light-based cancer treatments such as laser ablation and photodynamic therapy. Mature techniques such as optical coherence tomography are also excluded. Interested readers are referred to comprehensive reviews in bioluminescent protein imaging [10, 32] , fluorescent protein imaging [33, 34] , photodynamic therapy [15] , and optical coherence tomography [21, 22, 35, 36] .
Hardware and Image Reconstruction
Based on the light illumination schemes, optical imaging systems are classified as continuous wave, frequency domain, and time domain imaging methods with planar, reflectance, or cylindrical modes of measurement [3, 4, 16, [37] [38] [39] [40] . The continuous wave optical imaging platform illuminates tissues with light of constant amplitude or low frequency modulation and detects the light attenuation caused by differential changes associated with the tissue absorption properties. The frequency domain im-aging platform modulates the light sources at frequencies of tens to hundreds of megahertz and measures the amplitude decay and phase shift of the output light to quantify tissue absorption and scattering properties. The time domain optical platform detects the temporal distribution of diffuse light (photons) after illuminating the tissue with short light pulses for depth-resolved quantification of the tissue's absorption and scattering properties [41] [42] [43] . Hybrid imaging methods that utilize light as part of imaging signal generation also use tomographic approaches. For example, in photoacoustic methods, pulsed light is used to generate ultrasound waves from local tissue's thermal expansion following light absorption [44] . Each of these techniques will be described in more detail below. Representative advantages and limitations of the above techniques are summarized in table 1 .
Reconstruction of optical images requires an understanding of the propagation of light in tissue and is largely based on the knowledge of tissue properties that affect photons and the mathematical algorithms to analyze and classify spectral data. These algorithms help to overcome the tissue's high spatial heterogeneity and identify small differences between normal and cancerous tissues. Reconstruction procedure starts from multiple measurements, where an array of light sources and detectors for a defined geometry are used to generate and detect light. Acquisition of experimental data is followed by the application of a light transport model. This model is based on the propagation of photons in the region of interest. It describes the relationship between tissue optical properties (usually absorption and scattering coefficients) associated with the relevant pixels and the resulting sourcedetector measurements [13, [45] [46] [47] [48] . Light transport in biological tissue is typically modeled stochastically by deriving probability functions for photon transitions (Monte Carlo, random walk theory) [49] or deterministically by deriving the diffusion equation from radiative transfer equation [38, 46, 48, 50, 51] . The first method produces more accurate results, but it is computationally demanding. Data analysis can range from several hours to several days of computing. The method based on diffusion equation is faster. Therefore it is used more frequently in clinical setting [52] . In both methods, the light transport model yields a set of dynamic equations describing the transport of photons as a function of optical properties of the tissue and instrument setting.
After establishing the light transport model, the second step in image reconstruction involves finding a solution to a forward problem [37, [45] [46] [47] [48] . The forward problem calculates the optical properties of the tissue (absorbance, scattering, or changes in absorption or light attenuation, etc.) as a result of the applied light transport model from step one. Numerical models are commonly used to solve the forward problem and to predict the relationship between the optical parameters for all pixels as a function of the source-detector arrangement. Linear approximations to numerical methods are frequently used to simplify the estimation process [13, 52, 53] . The output of the forward problem is typically presented as a sensitivity matrix, where the values obtained from the forward problem are stored.
In the last step, the image is reconstructed by inverting the sensitivity matrix and solving the inverse problem to recover the optical properties of the tissue [45, 48, 51, 54] . To accomplish this goal, the optimization equation is solved to recover the optical properties of the tissue. The procedure is usually based on a least-squares equation (linear or nonlinear) expressing the difference between the measured data and the expected measurements obtained from forward problem solution [55, 56] . This last step has a number of challenges. In general, the inversion of the matrix and the inverse problem solution are illposed because large changes in the model tend to produce only small changes in measurable parameters (real experimental data). Moreover, with the number of pixels larger than the number of measurements, the problem is underdetermined [57] . Both problems can be resolved with additional parameters known as penalty terms. These terms are added to the least-squares equation restricting the solution and enhancing the image. Basic Tikhonov zero-order regularization [58] and more complex functions such as truncated singular value decomposition have been implemented to improve the image quality [53, 56, 59] . The search for the appropriate regularization is in progress in the field of image reconstruction. For detailed information on light transport modeling and image processing, the reader is referred to several extensive reviews on the subject [37, 46] . In photoacoustic tomography, the image reconstruction also involves the modeling of acoustic waves in tissue. A number of photoacoustic algorithms are described in a recently published book [5] .
Optical Imaging Platforms
This section covers the basic principles of some optical imaging techniques such as planar imaging, diffuse optical spectroscopy (DOS), diffuse optical imaging, and photoacoustic tomography with and without the use of exogenous contrast reagents. The roles of these techniques in clinical detection, staging, and treatment monitoring of tumors are briefly described.
Planar Imaging
Over the past two decades, optical molecular imaging has benefited from the rapid advances in light sources, detectors, and mathematical modeling techniques. Fluorescence planar imaging is the simplest optical method and it is akin to flash photography. The method is fast and affordable and data analysis is straightforward. The light source required for planar imaging can be as simple as a single white light or a bundle of optical fibers equipped with optical switches [60] . In its simplest form, appropriate filters are used to select the desired excitation wavelengths from a broad spectrum of light sources such as bright light bulbs. More recent versions use continuous wave lasers or light-emitting diodes as the light source to provide higher power for deep tissue imaging. The ensuing fluorescence is captured with a charge-coupled device camera, the signal is recorded temporally on a computer and displayed on a monitor in near real-time. Planar imaging systems are mostly used to obtain two-dimensional images of tissue in reflectance (epifluorescence) or transmission geometry. The basic components of epifluorescence imaging are shown in figure 1 . In transmission geometry, the detector is placed on the opposite side of the excitation source. Most of the commercially available small animal planar imagers utilize the epi-fluorescence mode because of its simplicity and to overcome problems with attenuation of light in thick tissue.
Normally, the images are generated from the recorded intensity of the emitted light in every pixel of the region of interest. Such images show the location of the target fluorescent molecular probe in tissue. However, the images are surface-weighted, resulting in the loss of quantitative accuracy, depth information and poor spatial resolution caused by scattering of the emitted light. Improvement of the reflectance and transillumination planar imaging methods can be achieved with a data normalization approach [60] . In this technique, the excitation and emission light intensities are acquired sequentially by switching the interference filter between excitation and emission scans. The normalized image is generated by simply dividing the emission light intensity by the excitation light intensity. Phantom and in vivo studies showed that the normalized data improved image quality and accuracy as well as depth sensitivity over a nonnormalized method [60] [61] [62] .
Further improvement in the depth resolution of planar imaging can be achieved by introducing the phase profilometry technique into the system. The basic principle of phase surface profile characterization (profilometry) is similar to that of tomographic imaging systems. Both techniques have depth-sectioning ability from the recovered depth information of the imaging object. Implementation of the phase information recovered from the reflected light for three-dimensional image reconstruction was first implemented by Gabor [63] . In this method, a spatially modulated intensity sine wave is projected onto the object and imaged with a camera from an offset position [64] . The longitudinal distance between a reference plane and the object surface is extracted from the phase distribution at each pixel from multiple sine waves to provide depth information [65] . An alternative approach is to perform a fast Fourier transform using a single intensity sine wave [66] . In a typical arrangement, a light source (profilometer laser) and a detector (profilometer camera) are used to create a phase shift. The laser and camera can be synchronized by tilting the platform to further enhance light penetration depth [65] . Overall, profilometry and triangulation methods produce good-quality three-dimensional images, but this comes at the expense of complex hardware and longer processing time. From an instrumentation and data analysis point of view, these techniques are closer to tomographic systems than to conventional planar imagers.
Diffuse Optical Spectroscopy DOS is the most established optical imaging technique for clinical applications. DOS has been widely used to obtain spectrally dependent functional and structural information by extracting absorption and scattering coefficients associated with concentration changes in endogenous and exogenous fluorophores [2, 30, [67] [68] [69] [70] [71] . Measurement of hemoglobin absorption in vivo is one of the central approaches in DOS. The absorption spectra of oxy-and deoxyhemoglobin state differ significantly ( fig. 2 ) and the ratio between the two states in tissues is highly conserved. The changes in oxy-and deoxyhemoglobin concentration often indicate tissue abnormality and are frequently used to identify physiological problems and follow the effects of therapy. In a typical setting, DOS systems are mostly composed of a hand-held probe employing a flexible fiber-based source-detector configuration. Among a variety of DOS techniques, double-differential spectroscopic analysis and diffuse reflectance spectroscopy are the most common. Double-differential spectroscopic analysis of tissue absorption and scattering spectra from 650 to 1,000 nm has been applied to discriminate normal from cancerous breast tissues [71] . In this method, subtracting the major absorbers' spectral components of normal from cancerous tissues provides patient-specific molecular signature of the tumor, as illustrated in figure 3 .
The feasibility of diagnosing tumors and using diffuse reflectance spectroscopy to monitor cancer therapy response by quantifying the associated physiological and morphological changes has also been demonstrated [73] . To accomplish this goal, the authors extracted the concentration of oxy-and deoxyhemoglobin and the scattering coefficient by applying an inverse Monte Carlo model of light transport to diffuse reflectance spectra collected from tumor-bearing mice [73] . A significant increase in the concentration of oxyhemoglobin was observed in doxorubicin-treated animals, which implies that diffuse reflectance spectroscopy can be used to monitor treatment response noninvasively.
Palmer et al. [74] utilized hemoglobin-based DOS to study physiological changes in response to combinational therapy using hyperthermia and liposomal doxorubicin in a murine model. Both diffuse reflectance and fluorescence spectroscopic measurements were performed, allowing multiparametric quantification of optical properties of tissues and fluorescence of the drug doxorubicin. The study demonstrated that the total hemoglobin saturation increased after treatment. In a human study, Cerussi et al. [75] used DOS to evaluate a patient suffering from infiltrating ductal carcinoma. Here, the patient received neoadjuvant chemotherapy consisting of anthracyclines and bevacizumab. Instead of directly comparing the tumor water content and deoxyhemoglobin concentration, a composite tissue optical index, defined as (
, was used to evaluate responses. A decrease of ϳ 50% in the index was found in the course of the chemotherapy, indicating high sensitivity of the index to tumors responding to treatment. Overall, the results obtained by different research groups demonstrate the capability of DOS to dynamically monitor tumor-associated physiological and morphological changes noninvasively and use the information to identify patients' response, or lack thereof, to chemotherapy [29, 30, 72, 76] .
Diffuse Optical Imaging
The diffuse optical imaging method is similar to DOS, but it is more complex due to the use of multiple sourcedetector combinations for data acquisition and image reconstruction. Diffuse optical imaging has been used successfully in quantitative studies of the pharmacokinetics and pharmacodynamics of diagnostic and therapeutic agents [40, 43, 62, [76] [77] [78] [79] .
The DOT method produces three-dimensional images of tissue by combining measurements from multiple sources and detectors with light diffusion modeling techniques for depth localization [4, 37, 38, 40] . A variant of diffuse optical imaging systems, fluorescence molecular tomography acquires excitation and emission light intensity profiles sequentially with interference filter switching between two scans [79] [80] [81] . A charge-coupled device camera is generally used as a detector in this technique. Sequentially acquired excitation and emission light intensities are used to generate a normalized data set from the emission light intensity profile divided by the excitation light for volumetric reconstruction of fluorescence distribution. Using this approach, Patwardhan et al. [43] developed a fluorescence molecular tomography system capable of whole-body small animal imaging within a few minutes. The system was successfully used to quantify the biodistribution of targeted fluorescent molecular probes in mice bearing subcutaneously implanted human breast carcinoma.
In addition to reporting the fluorescence intensity, optical imaging systems can be modified to quantify fluorescence lifetime. Fluorescence lifetime is an intrinsic property of endogenous and exogenous fluorophores that relates to the average time a fluorophore remains in the excited state before light emission. Advances in laser technology and instrumentation have led to the development of time-resolved imaging techniques for whole-body imaging of cancer in small animals. This trend has aided the growing interest in developing new fluorescence lifetime imaging (FLI) systems for tumor imaging [82] [83] [84] [85] . An important advantage of fluorescence lifetime contrast over fluorescence intensity measurements lies in the fact that it is less dependent on the fluorophore concentration. However, it is generally sensitive to changes in the local tissue environment such as pH, temperature, and presence of fluorescence quenchers [82] [83] [84] 86] . This sensitivity to differences in tissue composition and biochemistry has been used to differentiate cancerous from normal tissues by FLI [82] [83] [84] [85] . Cubeddu et al. [87, 88] applied time-domain imaging to localize tumors after fluorescent hematoporphyrin derivative uptake used for photodynamic therapy. The authors treated L1210 leukemia and fibrosarcoma tumors with hematoporphyrin derivative and observed that the fluorescence lifetime was longer in both tumors than in the surrounding normal tissue. This group also demonstrated that FLI can discriminate between normal tissue and basal cell carcinoma in human skin based on the lifetime differences between protoporphyrin IX and normal tissue autofluorescence [89] .
Reynolds et al. [90] used the frequency-domain for the lifetime sensitive detection of molecular probes. They extracted and differentiated near-infrared (NIR) contrast agents based on their lifetime differences in tissue-mimicking phantoms. The ability to measure multiple fluorescence lifetimes from several fluorescent probes in a relatively narrow lifetime range (0.5-1.2 ns) demonstrated the potential of FLI in differentiating cancerous from normal tissues. Most in vivo lifetime imaging studies were confined to specialized laboratories until the commercialization of a time-domain lifetime imaging system. Bloch et al. [84] demonstrated the feasibility of using a receptortargeted NIR fluorescence molecular probe (cypate-GRD) for noninvasive whole-body FLI with this commercial system. The study showed selective localization of the tumor based on the probe's lifetime properties. Further tissue analysis showed that the fluorescence lifetime of the molecular probe was 1.03 ns in tumors and 0.83 ns in the surrounding tissue. Although the lifetime changes appear to be small, modern FLI systems are capable of resolving 0.1-ns lifetimes, making it possible to potentially detect small but significant physiological changes in tumors.
The development of fluorescence lifetime tomography has further enabled improved temporal resolution and accurate tissue localization up to 1 cm depth of targeted tumor using fluorescent molecular probes. Nothdurft et al. [83] FLI has also enabled imaging of multiple fluorophores with similar absorption and emission spectra but different lifetimes to provide simultaneous information about specific molecular processes without the need for spectral deconvolution of each fluorophore. Reynolds et al. [90] , Akers et al. [91] , and Raymond et al. [92] were able to recover and separate the distribution of two or/and three NIR fluorescent probes that localized in different organs of mice based on differences in their lifetimes. Their findings suggest that the fluorescence lifetime of different molecular probes can be multiplexed to monitor a variety of molecular interactions through a careful design of NIR fluorescent probes to exhibit lifetime shifts upon target binding. However, one should keep in mind that the difference between individual fluorescence lifetimes must surpass the temporal resolution of the instrument (currently ϳ 100 ps for tomographic systems) to realize lifetime multiplexing.
Photoacoustic Imaging
One of the major drawbacks of fluorescence imaging is that it has low spatial resolution in deep tissue imaging due to scattering of excited and emitted light. PAI is a new imaging platform that promises to overcome this major limitation of fluorescence imaging [38, [93] [94] [95] . Upon pho- ton absorption by chromophoresin tissue, local heat is produced by nonradiative relaxation of the excited molecules (vibrations). This leads to thermal expansion of the tissue, which produces acoustic waves that are detected by ultrasound transducer. The processes involved in the production of the photoacoustic signal are illustrated in figure 5 . The absorbing molecules can be endogenous pigments, such as hemoglobin, melanin and water, or exogenously delivered optical contrast agents. The produced local heat induces pressure oscillations in the media surrounding the chromophore. The oscillation is further transmitted through a gas, liquid, or solid medium as a travelling wave known as an acoustic pressure or a sound wave. Differential light absorption within a tissue region of interest produces differential heating and, correspondingly, forms acoustic waves with different intensity. The intensities of the acoustic waves propagated through the tissue are used to generate the photoacoustic image. Hence, the image contrast is primarily determined by the different absorption properties of the target tissue. PAI's spatial resolution as well as depth imaging are mostly dependent on the intensity of the acoustic wave created by photon absorption. The acoustic mean free path in biological tissues is 2-3 orders of magnitude deeper than any optical free path due to lower scattering of ultrasound waves. Hence, the depths at which images can be formed with photoacoustic techniques are inherently greater than those with conventional optical methods. However, this imaging technique also suffers from depth limitation since it relies on light propagation to the target tissue. At certain depths, the effect of light scattering and absorption by tissue decreases the photon flux reaching deep tissue, thereby weakening the acoustic signal. Modern photoacoustic instruments can achieve up to 30 mm depth with 150 m resolution [96] . In addition, cavities and bones with different acoustic properties can distort photoacoustic images.
From the instrumentation standpoint, there are several types of PAI systems. Photoacoustic planar imaging utilizes point-by-point excitation and detection systems and does not require image reconstruction processes to generate an image. In contrast, photoacoustic computed tomography utilizes image reconstruction algorithms. A typical PAI consists of a nanosecond pulsed laser and sensitive microphones or piezotransducers to measure the intensity of the ultrasound waves ( fig. 6 ). The choice of the laser is determined by the absorption properties of the tissue of interest and typically within the range of 530-1,064 nm. For hemoglobin-rich tissues such as blood vessels, 560-to 600-nm lasers are used. Exogenous contrast agents that absorb light in the NIR range ( ϳ 700-800 nm) such as cyanine dyes and gold nanoparticles are widely used to enhance contrast in this region where tissue absorption is low [97] . A recent study demonstrated that excitation with 1,064 nm provides substantial benefit in PAI due to a decreased number of intrinsic light absorbers and the availability of a more homogeneous background signal [98] .
The spatial and lateral resolutions of photoacoustic systems are dependent on the type of ultrasound transducer used. An ultrasound transducer with higher central frequency and broader bandwidth is chosen to obtain an improved axial resolution at the expense of signal-tonoise ratio [95, 99] . The lateral resolution is limited by the focal diameter of the transducer. Photoacoustic techniques can be incorporated in a variety of imaging scanners ( fig. 7 ) for imaging sentinel lymph nodes [100] breast cancer [101, 102] . A new hand-held and portable photoacoustic device has been developed for image-guided surgical removal of tumors [103, 104] .
PAI has been extensively studied for imaging of cancer without and with contrast agents. For example, due to the rich contrast provided by proliferating blood vessels during angiogenesis and the ability of PAI to resolve these structures, this technique is ideally suitable for imaging angiogenesis [105, 106] . A review of imaging tumor angiogenesis with PAI has been recently published [107] . For example, melanoma tumor cells were shown to be detected by PAI in blood [108] and brain [105] using the inherent light absorption properties of melanin. PAI has also been successfully used to detect breast and prostate tumors [109] , melanoma [110] , for noninvasive imaging of sentinel lymph nodes [100, [111] [112] [113] [114] and circulating tumor cells [115] .
Optical Contrast Agents
Optical imaging techniques can measure both inherent tissue optical properties (e.g. scattering, absorption and autofluorescence) and those of exogenous molecular probes (e.g. fluorescence, photoacoustic) with high temporal resolution. The spectrally dependent light absorption and propagation properties in tissues ( fig. 8 ) based on optical properties of specific molecules are used to produce imaging contrast in optical molecular imaging. A variety of optical contrast agent-mediated optical methods are widely used for preclinical imaging of cancer and monitoring of therapeutic responses.
Endogenous Tissue Optical Contrast
Light interaction with biological tissues results in a number of photophysical events such as its absorption and scattering. Scattering is defined as the deviation of a photon path as it propagates through a heterogeneous medium such as a biological tissue. The most useful approximation describing light scattering in tissue is based on Mie's theory [3, 38, 68] . Mie scattering relates to the scattering of light by particles of the same or larger size than the wavelength of the incident light. The intensity of Mie scattered radiation is weakly dependent on wavelength and tissue morphology [3, 38] . Diffusely reflected and transmitted photons provide diagnostic information about the tissue. For instance, the change in size and number of the major light scatterers in tissue, such as mitochondria and cell nuclei, can be used to differentiate neoplastic from healthy tissues based on the spectral variation of the scattered light. To illustrate this point, the diameter of cell nuclei in normal epithelial tissues has been found to be approximately 4-7 m compared to 20 m in cancerous tissues, which also contain multiple nuclei [3, 38] . Hence, scattering properties of tissues provide insight into morphological and structural changes that can be used to identify abnormal variations of the tissue's spatial characteristics. Detailed theoretical basis and practical applications of light scattering in tissues for biomedical imaging have recently been reported [6] . Absorption is a phenomenon that results in the capturing of light energy by chromophores, exciting their electrons from the ground to higher energy levels [3, 4, 7, 38] . The chromophores dissipate their energy in the form of heat or by a radiative decay when their excited electrons return to the ground state [3, 7, 38] . Oxyhemoglobin and deoxyhemoglobin, melanin, myoglobin, and water are the predominant endogenous absorbers in the 600-to 1,000-nm range. Interestingly, the absorption coefficients of these chromophores are low between 700 and 900 nm relative to the visible wavelengths, creating an optimal spectral window that allows light to travel in deep tissue and the photons to undergo multiple scattering events before attenuation [3, 38, 68] . For these reasons, most optical methods for deep tissue imaging and DOT in particular operate in this 'transparent optical window'.
As mentioned above, variations in total hemoglobin and oxygen saturation can be inferred from tissue absorption based on the differences in oxyhemoglobin and deoxyhemoglobin optical spectra. For tumor imaging, a high level of HbO 2 may suggest an increase in arterial blood supply, creation of new blood supply pathways to tumors, or high metabolic oxygen demand reminiscent of highly proliferating tumors. In contrast, an increase in deoxyhemoglobin concentration implies a decrease in oxygen saturation associated with the presence of a hypoxic tumor or high oxygen extraction. Both HbO 2 and deoxyhemoglobin serve as important biomarkers for tumor diagnosis and monitoring the outcome of a therapeutic intervention. To illustrate this approach, Choe et al. [29] demonstrated the feasibility of localizing invasive breast carcinoma with DOT by quantifying the total hemoglobin and oxyhemoglobin concentrations. The authors observed that the tumor volume and total hemoglobin concentration decreased from 21.4 8 1.4 to 9.1 8 0.5 M over the course of the chemotherapy ( fig. 9 ) . A variety of similar studies has been reported and a recent paper by Leff et al. [116] summarized the findings of optical-based breast imaging studies from different research groups.
Tissue autofluorescence occurs when excited electrons of endogenous fluorophores emit light of different wavelength after photon absorption [3, 38, 85] . The importance of autofluorescence for studying cells and tissues lies mostly in their potential for diagnostic applications. It is also used as a research tool to understand the underlying mechanisms of molecular interactions and signaling processes under their native conditions [68, 85, 117] . The most important fluorophores for autofluorescence in cells and tissues are amino acids (phenylalanine, tyrosine and tryptophan), which are the essential building blocks of proteins and enzymes; nicotinamide and flavins, which regulate cell metabolism; porphyrins, which are responsible for the transport of respiratory gases; structural proteins (collagen and elastin), which are responsible for rigidity and flexibility of tissues and organs, and fluorescent pigments (melanin, lipofuscin), which are markers of many age-related pathologies [85, 117] . For instance, endogenous fluorophores such as flavin adenine dinucleotide and reduced NADH are used to monitor changes in the metabolic level of tissues by taking the ratio of their fluorescence intensity obtained from one-and two-photon confocal microscopy [68] as well as with diffuse spectroscopy [118] . The fluorescence intensity of NADH is found to be higher than that of its oxidized form (NAD+), and vice versa for flavin adenine dinucleotide. However, a number of challenges associated with the complex nature of autofluorescence, such as weak fluorescence signals, the use of damaging UV light or high-power two-photon visible excitation, and difficulties in interpretation of images, limit its broad applications in molecular imaging and disease diagnosis. Thus, the use of autofluorescence depends on the intended application or tissue type. For example, skin diseases and a variety of endoscope-based applications that do not require deep tissue analysis have benefited from autofluorescence imaging. Exciting studies using endoscopes for examining gastrointestinal neoplasia in clinical settings have been reported [119, 120] . Note that fluorophores from diet also contribute significantly to autofluorescence. This type of autofluorescence could increase background signals during tissue imaging with exogenous imaging agents. However, several methods are available to minimize this side effect, including fasting the animal, the use of special diet with low autofluorescence, and techniques to spectrally suppress autofluorescence [121, 122] .
Exogenous Tissue Contrast Agents
Exogenous contrast agents are playing a crucial role in advancing optical molecular imaging for a wide array of applications, ranging from studying cell regulation mechanisms to cancer diagnosis. The advantage of exogenous optical contrast agents lies in the ability to optimize their structure for a wide variety of disease-specific studies. This is generally accomplished by tuning their spectral properties. Optical probes that absorb and emit in the visible spectral range are mainly used for superficial tissue imaging (for example skin cancer detection) and studies of cell mechanisms. However, the signal obtained from optical probes in the visible range is biased by background tissue autofluorescence signal, which is negligible in the NIR spectral range. Therefore, molecular probes in the NIR region are primarily used for deep tissue in vivo imaging and to minimize autofluorescence. Optical contrast agents are classified into different groups based on their fluorophore structure, spectral range, and specific activity. Examples of common optical probes are cyanine dyes, boron-dipyrromethene-based molecules, and quantum dots [85, 123] . The sources of contrast could be due to change in intensity, fluorescence lifetime or polarization associated with biological processes. Preferably, optical molecular probes should have high molar absorptivity, high fluorescence quantum yield (for fluorescence imaging), and good photostability. For activatable probes, they should preferably be enzymatically stable to nontarget enzymes and biochemical reactions. In addition, chemical stability is important for a new generation of molecular probes carrying targeting groups for selective delivery to tumors. Such targeted conjugates further enhance the sensitivity and specificity of optical contrast agents for early detection of cancer.
Nontargeted Optical Contrast Agents
Nontargeted optical contrast agents typically accumulate in tumors because of increased tumor vascularization and/or leaky blood vessels [12, 99, 124, 125] . The approved use of the NIR fluorescent dye indocyanine green (ICG) by the US Food and Drug Administration for non- imaging indications has allowed its adoption as a nonspecific and biocompatible optical imaging agent in humans. Thus, indocyanine is widely used to test the performance and specifications of optical imaging devices in clinical and preclinical studies. It is also used as a generic imaging agent for cancer imaging. For example, Intes et al. [126] localized suspicious masses in breast cancer patients after bolus administration of ICG. Additionally, Alacam et al. [127, 128] introduced a computational model to analyze ICG pharmacokinetics in cancerous tumors versus normal tissues using NIR DOT. In these studies, the authors provided temporal images of the distribution of ICG from breast cancer patients. Using a computational model, they reported significant differences in the pharmacokinetic rates as well as ICG concentration in the tumor compared to the surrounding normal tissue region. Recently, Sevick-Muraca et al. [129] demonstrated the feasibility of employing NIR fluorescence imaging for dynamic lymph trafficking and lymph node mapping in humans noninvasively after bolus injection of ICG in the arms and legs of patients. The impressive dynamic images demonstrated the potential of using optical molecular imaging for sentinel lymph node mapping in cancer staging. However, since nontargeted optical probes suffer from low selectivity for tumors, the use of molecular probes that selectively target cancer tissue, could further improve the information content obtained, particularly in the identification of positive nodes for biopsy.
Cancer Biomarkers and Targeted Probes
Many of the current efforts in tumor imaging have focused on the design of cancer-targeting molecular probes. One approach is to identify cancer biomarkers, such as overexpressed proteins or diagnostic enzymes in the tumor and the appropriate molecule (ligand) that binds to a target biomarker with high affinity. Once the biomarkers and the ligands are established, the targeted molecular probe can be prepared by conjugating the targeting moiety to the dye. Cancer biomarker identification is essential for early diagnosis, prognosis and staging of cancers as well as monitoring and optimizing therapies. In general, cancer biomarkers for targeted optical imaging are biomolecules such as cell surface protein receptors or enzymes, which are overexpressed in the active form in neoplasms compared to normal tissues. Many of these biomarkers are commonly shared by a number of malignant tumors [130, 131] . Below we review two classes of molecular-targeted probes: nonactivatable and activatable.
Optical imaging with receptor-targeted molecular probes relies on the increased concentration of the probe on the target tissue to generate increased optical (fluorescence or photoacoustic) signal. Historically, this was the first type of tumor-targeted molecular probes [132] . Today, a majority of the tumor-targeting molecular probes belongs to this class and a large number of constructs are now commercially available.
Initial studies relied on the labeling of large biomolecules such as antibodies for optical imaging [133, 134] . These pioneering studies gave rise to highly promising advances in the molecular imaging of tumors. For example, the transmembrane tyrosine kinase receptor proteins of which a member of the epidermal growth factor receptor family, the human epidermal growth factor receptor 2 (HER-2/neu), is commonly overexpressed, have become a favorite target for optical imaging of tumors. The key function of the epidermal growth factor receptor is intracellular signal transduction to control cell proliferation, migration and cell survival [135] [136] [137] . Up-regulation of HER-2/neu has been associated with tumor growth and metastasis [135, 138] . Trastuzumab (also known as Herceptin) is a humanized monoclonal antibody that has high affinity for HER-2 receptors [139, 140] . Therefore, a number of efforts in optical imaging of cancer involved conjugating fluorescent dyes with trastuzumab to image HER-2-positive tumors [141, 142] .
Although large proteins and antibodies hold great promise for the development of tumor-targeting agents with high binding affinity to the target receptor, interest in the use of small peptide-based molecular probes has continued to gain ground in receptor-targeting imaging platforms. A prominent example is the targeting of somatostatin receptors with fluorescent dye-labeled somatostatin peptide analogues such as octreotate [124, 143] . The somatostatin receptor served as a target in a whole-body animal imaging study with a receptor-targeted NIR fluorescent probe. In this example, a NIR fluorescent dye analogue to ICG but with conjugatable functionalities, cypate, was covalently linked to octreotate. Using a planar fluorescence reflectance imaging system, the in vivo distribution of the molecular probe in rodents bearing pancreatic acinar carcinomas was obtained [132] . The high uptake of the optical molecular probe in the tumor is demonstrated in figure 10 . Since this pioneering study, numerous studies have validated the use of NIR dye-labeled peptides to image tumors in living systems as described below.
Other examples of a cancer biomarker that is overexpressed in a wide range of tumors are the ␣ v ␤ 3 integrins, which are heterodimeric cell surface proteins composed of one ␣ and one ␤ transmembrane glycoprotein subunit [144] . The key function of integrins is to regulate multiple intracellular signal transduction pathways leading to cell proliferation, differentiation, migration and survival [144] [145] [146] . The ␣ v ␤ 3 integrin is of special interest because it is up-regulated in various tumors as well as angiogenic blood vessels [145, 147] . The ␣ v ␤ 3 integrin has high affinity for the naturally occurring proteins/polypeptides possessing Arg-Gly-Asp (RGD) peptide sequence [148] . The utility of an NIR fluorescent probe decorated with RGD peptides in tumor imaging has been reported by many investigators [12, [149] [150] [151] [152] . Achilefu et al. [150] also discovered that a variant of RGD peptides possessing the GRD peptide sequence labeled with cypate selectively accumulates in ␣ v ␤ 3 integrin-positive tumor (A549) in nude mice. The study was conducted with a simple planar fluorescence reflectance imaging system. Further microscopic analysis showed that retention of this molecular probe in the tumor correlated with regions of high expression of metabolic indicators such as NADH. Thus, this molecular probe appears to selectively target highly proliferating tumors.
Following the success of preclinical studies, efforts to move the receptor-targeted optical imaging to humans have increased recently. The highly compartmentalized nature of the gastrointestinal system and the ease of accessing this organ with endoscopes have attracted the first human study of molecular optical imaging of gastrointestinal tumors with a peptide-based exogenous imaging agent [153] . The fluorescein-conjugated peptide construct was developed to bind more strongly to dysplastic colonocytes than to adjacent normal cells and demonstrated 81% sensitivity and 82% specificity. Applications of this approach for image-guided intraoperative procedures are also in progress. Targeted activatable optical contrast agents are mostly designed to interrogate biological processes associated with abnormal protease activities and tissue metabolism. Activatable probes are generally composed of a covalently linked fluorophore pair with different or similar optical properties in close proximity to each other. For the Förster or fluorescence resonance energy transfer (FRET) mechanism, the emission spectrum of the donor must overlap with the absorption spectrum of the acceptor [85] . In this configuration, the transmission of the excitation energy from the donor to the acceptor dye quenches the fluorescence of the donor [85] , decreasing the donor's fluorescence intensity and lifetime. Upon enzymatic cleavage, the two fluorophores separate from each other, resulting in an increase of the donor's fluorescence intensity and lifetime. The amount of energy transfer measured from the fluorescence intensity and fluorescence lifetime of the activatable optical probes can be used to investigate changes in biological processes [82] . The pro-cess of FRET probe activation and application in tumor imaging is illustrated in figure 11 . A number of FRET probes including those optically active in NIR were designed to recover fluorescence after releasing the quencher moiety, which occurs when the probe binds to the active site of diagnostic enzymes [154] [155] [156] [157] [158] [159] .
Abnormally high proteolytic activities of extracellular and intracellular proteases such as matrix metalloproteinase (MMP), cathepsin and caspase families are found to mediate tumor growth, invasion, and metastasis [155, 156, 160, 161] . Particularly, MMPs and cathepsin families are involved in basement membrane degradation, leading to local cell invasion and metastasis [162, 163] . The utility of the protease-activatable probes for in vivo tumor imaging was first demonstrated by Weissleder et al. [164] . They developed activatable NIR fluorescent molecular probe to localize lung tumor and image the expression and activity of lysosomal proteases. Bremer et al. [165, 166] used this strategy to image the expression and activity of MMP-2 enzymes in vivo. The study showed recovery of fluorescence after injection of the probe in mice bearing MMP-2-positive human fibrosarcomas. Fluorescence signal from the nonspecific control molecular probe was minimal. These and other activatable molecular probes have improved the detection sensitivity of tumors in animal models.
In addition to MMPs, other biomarkers have also been targeted as tumor reporters and for monitoring treatment responses. For example, Blum et al. [167] developed molecular probes that could monitor cathepsin B activity, which mediates tumor invasion, and Gocheva et al. [168] utilized fluorogenic peptides for neoangiogenesis detection. These studies were conducted with in vivo mouse models of human epithelial adenocarcinoma and pancreatic islet cell carcinogenesis, respectively.
Another area of intense research is to monitor treatment response through cell death using activatable probes. Programmed cell death, known as apoptosis, is partly controlled by intracellular caspases. These enzymes are up-regulated in cells undergoing apoptosis and studies have shown that disruption of apoptosis results in abnormal cell proliferation and tumor growth. The activities of these proteolytic enzymes have been recognized as important markers for developing imaging and therapeutic agents to noninvasively monitor tumor progress and therapy response [158, 169, 170] . For instance, Bullok et al. [171, 172] developed a FRET-based caspaseactivatable molecular probe, TcapQ647, composed of a fluorescent moiety in close proximity to a NIR fluorescent quencher linked with a caspase-cleavable peptide sequence. The study demonstrated the utility of TcapQ647 for imaging amoeba-induced cell death in mice with colon xenografts. They observed a greater increase in parasite-infected xenografts versus controls after TcapQ647 injection, thus demonstrating the potential of the compound for monitoring treatment response. An example of caspase-3-activatable probes that are based on FRET between two NIR cyanine dyes connected with a caspase-3-cleavable peptide substrate, Asp-Glu-Val-Asp (DEVD), was designed by Zhang et al. [158] . Upon contact with caspase-3, whose overexpression was induced by the administration of the chemotherapeutic drug (paclitaxel) to A549 tumor-bearing mice, cleavage of the DEVD peptide sequence in the fluorescence-quenched probe resulted in fluorescence restoration.
Although activatable molecular probes have improved the detection sensitivity of tumors in vivo by lowering background fluorescence, they suffer from nonspecific activation in the blood and healthy tissues. Therefore, the development of highly sensitive and specific activatable Step 1
Step 2
Step 3
Step 4 A B Fig. 11 . Schematic design of targeting nonactivatable optical probe ( A ) and process of utilizing targeted activatable FRET probe ( B ).
Step 1: Internalization of protease activatable molecular probe via a membrane receptor.
Step 2: Transmission of excitation energy from donor to acceptor dye quenches the fluorescence of donor. Steps 3 and 4: Recovering fluorescence after releasing quencher moiety when probe binds to active site of diagnostic enzymes. molecular probes for tumor imaging is an active area of current research endeavors. Efforts to translate some of the probes to humans have been initiated by different research groups.
Future Work and Perspectives
Early diagnosis of cancer and development of nearreal-time monitoring of tumor response to therapy are needed to improve the outcome and the quality of life for cancer patients. In the last decade, powerful diagnostic methods such as positron emission tomography (PET), computed tomography (CT), magnetic resonance imaging (MRI), and ultrasound imaging have revolutionized the course of medicine in general and oncology in particular. Medically useful information from these methods could be further augmented by combining them with optical imaging for early cancer screening, guided biopsies and monitoring therapies. Such multimodal imaging would allow the combination of structural information traditionally obtained with established CT, MRI and ultrasound techniques with functional and molecular information provided by optical imaging [69, [173] [174] [175] [176] [177] [178] . However, extensive research is still required to develop multimodal optical contrast agents, integrate hardware and mathematical algorithms to achieve this goal.
Recently published multimodal molecular imaging probes for single-photon emission computed tomography (SPECT)/optical [179] , PET/optical [154, 180, 181] , and MRI/optical [182] are promising candidates for multimodal imaging. One of these probes is based on 64 Cu-NIR dye conjugated to caspase-3 substrate [154] , where the PET radionuclide component is used to localize and quantify probe distribution, while NIR dye helps to monitor the activity of caspase-3 enzyme in vivo.
Hardware integration requires compatibility of all the parts on one platform for accurate coregistration of multimodal three-dimensional images enhanced by single multimodal contrast agent to improve cancer detection and therapeutic monitoring. One of the main challenges in combining imaging modalities is determining how to merge the information from multiple technologies into a single imaging output. Part of this complexity arises as a result of the sensitivity of each modality to different sets of tissue properties and methods have disparate reporting strategies. This is currently a subject of intensive research with several groups developing algorithms for incorporating structural information from X-ray/CT [179, 183] and MRI [177] , with DOT reconstruction algorithm.
Overall, optical molecular imaging has the potential to become a powerful and practical tool for a wide array of applications such as noninvasive early detection, image-guided biopsies and intraoperative procedures, and therapeutic monitoring of cancer.
